Abstract-Our goal is to provide a physiological perspective on the use of imaging to optimize and monitor the accumulation of nanotherapeutics within target tissues, with an emphasis on evaluating the pharmacokinetics of organic particles. Positron emission tomography (PET), magnetic resonance imaging (MRI) and ultrasound technologies, as well as methods to label nanotherapeutic constructs, have created tremendous opportunities for preclinical optimization of therapeutics and for personalized treatments in challenging disease states. Within the methodology summarized here, the accumulation of the construct is estimated directly from the image intensity. Particle extravasation is then estimated based on classical physiological measures. Specifically, the transport of nanotherapeutics is described using the concept of apparent permeability, which is defined as the net flux of solute across a blood vessel wall per unit surface area of the blood vessel and per unit solute concentration difference across the blood vessel wall. The apparent permeability to small molecule MRI constructs is accurately shown to be far larger than that estimated for proteins such as albumin or nanoconstructs such as liposomes. Further, the quantitative measurements of vascular permeability are shown to facilitate detection of the transition from a pre-malignant to a malignant cancer and to quantify the delivery enhancement resulting from interventions such as ultrasound. While PET-based estimates facilitate quantitative comparisons of many constructs, high field MRI proves useful in the visualization of model drugs within small lesions and in the evaluation of the release and intracellular trafficking of nanoparticles and cargo.
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INTRODUCTION
We imagine a future in which the earliest signs of disease are detected and progression is preempted. In this vision, imaging instruments detect small biochemical foci and targeted particles are introduced to selectively treat these lesions. The optimized particles are engineered for automatic release due to local endogenous conditions or activation by exogenous energy sources. These targeted and activatable nanoparticles can provide the potential for a leap in therapeutic efficacy, but will only succeed if circulation time, targeting, release and cellular internalization are cooptimized for in vivo efficacy. Historically, many carrier approaches have seemed promising in vitro only to fail as a result of a host of unforeseen mechanisms in vivo. Further, a rate limiting step within the pipeline of many potentially paradigm-changing nanotherapies is the lack of efficient means to obtain rapid and accurate quantitative pharmacokinetic data. As a result, off target effects can be easily missed and it is difficult to carefully compare the stability, biodistribution, targeting efficacy and route of injection for each particle. Therefore, we explore the development of techniques to image and optimize drug carriers in vivo. Our paper summarizes the perspective on image-guided delivery that was presented at the Frontiers in Bioengineering meeting held at the Georgia Institute of Technology in 2013 and is set in the context of the current state of image-guided delivery. Our goal is to bridge classical physiological analyses with state of the art imaging and to provide examples of the information that can be gained through quantitative imaging.
In many current human protocols, the percentage of the injected dose reaching a known solid tumor is very low, often less than 0.1%. 29, 94 By encapsulating hydrophilic and amphipathic drugs, a 300-fold increase in the area under the curve can be achieved, in addition to a great reduction in toxicity, 39, 76 thus overcoming challenges in the systemic circulation of therapeutics ( Fig. 1 left panel) . A hydrophilic polymer coating, such as that obtained with polyethelene glycol, can also enhance systemic circulation of a particle. Further, nanoparticle drug delivery has the potential to eliminate the need for toxic diluents (e.g., Cremophor EL for paclitaxel). 59 Yet, the nanocargo must become bioavailable in order for the therapeutic to be effective; this requires both tissue extravasation ( Fig. 1 middle panel) and cellular internalization and trafficking ( Fig. 1 right panel) . The addition of heat or pH activation technologies to enhance the extravasation of the particle or to release the cargo can further improve efficacy. 3 Here, we focus primarily on the use of imaging to quantify the circulation and extravasation of nanotherapeutics.
Many classes of nanotherapeutics have been synthesized or formulated, including lipid vesicles, polymeric shells and micelles, inorganic shells and particles and protein or peptide-based carrier systems. Each class of nanotherapeutic can be loaded with a vast range of cargo and targeted to specific cell surface receptors. Therefore, the potential design space is vast. For biological therapeutics, nanoparticle-mediated delivery may be particularly important because of its potential to deliver cargo to intracellular targets.
In addition, many newly identified molecular targets are accessible to small particles, 44, 91, 109 including integrins, aminopeptidase A and N, nucleolin, neuropilin-1, inflammatory markers, and organ-specific receptors. Currently, the biodistribution of ligands targeted to these receptors has been characterized in only a few cases and particle targeting is even more poorly characterized. The targeting of particles is very different from small molecules, and, as a result, maintaining specificity is challenging.
With unique light scattering and photothermal properties and facile conjugation to biomolecules, inorganic nanoparticles (e.g., gold nanoparticles (GNPs) and modified gold nanoparticles) have emerged as promising optical imaging probes and drug carriers. The optical properties of GNPs are governed by the localized surface plasmon resonance that depends on particle shape, size and dielectric property of the interface of the particle with the medium. 21 For GNPs, the plasmon resonance frequency and the light scattering lie in the visible NIR region of the electromagnetic spectrum. 118 Combining capabilities for controlling particle size and composition with versatile surface chemistry has led to optically and chemically reactive nanoparticle probes. Numerous GNP-based assays have been developed for the detection of targets such as metal ions, small organic compounds, nucleic acids, proteins and cells and have been reviewed recently. 2, 4, 72, 79, 105, 118 Here, we focus on organic nanoparticles in order to provide a physiological perspective to the use of imaging in tracking common drug delivery vehicles, including liposomes. We first summarize the use of imaging technologies to label and track therapeutic organic FIGURE 1. Therapeutics must cross barriers at the system (left), tissue (middle) and cellular (right) levels. Imaging can assess the impact of barriers to nanoparticle delivery at each level and facilitate therapeutic optimization to enhance delivery. At the system level, therapeutics must be long circulating and must withstand serum degradation. Within tissues, drugs or carriers must extravasate and be transported to target cells. Finally, cellular internalization and trafficking is required for a subset of therapeutics to reach their target. constructs, with a particular emphasis on positron emission tomography (PET) due to the sensitivity and flexibility of PET in characterizing a range of constructs. Next, we focus on the estimation of apparent permeability, defined as the net flux of solute across a blood vessel wall per unit surface area of the blood vessel and per unit solute concentration difference across the blood vessel wall, under the assumption of a non-zero flux of fluid across the wall. Such a measure provides a quantitative means to compare the accumulation and clearance within target tissues. The use of whole body imaging techniques to detect cargo internalization and trafficking is briefly described. Finally, we conclude with a discussion of future technologies and opportunities.
USE OF IMAGING TECHNOLOGY TO QUANTIFY THERAPEUTIC DELIVERY
The development of imaging methods to track therapeutic constructs is useful for the optimization of the pharmacokinetic and pharmacodynamic profiles. Image guidance methods using magnetic resonance imaging (MRI), ultrasound, and X-Ray computed tomography (CT) are well-known 8, 16, 64, 130, 131 (Table 1) . Overall, the strengths of PET and other nuclear medicine techniques include high sensitivity, the opportunity to quantify accumulation and kinetics, the availability of a wide range of functional probes and the opportunity to tag therapeutic cargo with a radioisotope without altering fundamental properties of the material. Advantages of MRI include the wide range of physiological studies that can be performed using endogenous contrast agents, enhanced spatial resolution and the opportunity for activatable probes. Ultrasound also provides the opportunity to activate therapeutic carriers and to enhance the accumulation of therapeutics.
Magnetic Resonance Imaging
MRI routinely provides anatomical or functional detail of lesions in relation to surrounding tissues. In order to enhance the image contrast and detect disease at an early stage, multiple MRI contrast agents have been formulated. The purpose of a contrast agent is to locally alter the T1 or T2 time constants that are used within MRI imaging, in order to achieve a hyper or hypointensive signal in a short time. Gadolinium-based contrast agents ( 116 For the MRI analysis below, we focus on gadolinium-based agents as they can be applied to track drug delivery vehicles.
Dynamic contrast-enhanced MRI (DCE MRI) adds the dimension of time to the anatomic image of conventional MRI. Quantitative analysis of a series of DCE T1-weighted images at a time resolution of < 20 s per image can determine physiological parameters of the tissue vasculature and interstitial space. 103 After a bolus injection of a low molecular weight contrast agent, the dynamic signal vs. time curve, S(t), is acquired for each region of interest. The rapidity of tumor uptake of contrast agents and the rate of clearance of the agents from a tumor can be quantified and used to detect tumor malignancy and anticancer treatment response. 30, 31 MRI-based direct visualization of a drug released from a therapeutic carrier was first shown with temperature sensitive liposomes which contained manganese (II). 83 Alternatively, liposomes labeled for detection via chemical exchange saturation transfer have been used to track liposomes and to detect the release of the cargo or the internalization of the entire particle. 61, 104 55, 71 ( Fig. 2) . While PET allows us to visualize the accumulation of the injected radiotracer, MRI provides a three dimensional anatomical reference, can estimate the tissue temperature, can detect drug release and further can be used to assess the changes in tissue properties that result from the application of ultrasound. 42, 49 The most common implementations of MR thermometry use the temperature sensitivity of the proton resonance frequency of water molecules. 86 The proton resonance frequency has a thermal coefficient that is nearly independent of tissue type (excepting adipose tissue). 81 The advantages of MRgFUS as a form of image-guided therapy are augmented at higher magnetic field strengths with improved resolution of temperature as well as improved spatial resolution. 81 The quasi-linear increase in both effective signal-tonoise ratio and the proton resonance frequency temperature sensitivity with increasing field strength improve image quality and temperature precision at ultra-high field strengths ( ‡7T). 32 MRgFUS has been demonstrated to provide the fine control of temperature required for mild hyperthermia (41-42°C) as well as the ability to guide ablation. 32, 77, 78, 88 Positron Emission Tomography PET and other nuclear medicine imaging methods have been applied to image the distribution and kinetics of peptides and antibodies, due to the opportunity to quantify accumulation and clearance relative to the injected dose. Given the vast literature concerning liposomal, micellar and polymeric formulations, quantitative imaging can play a key role in facilitating head to head comparisons of the delivery achieved with various constructs. For more than two decades, liposomes radiolabeled with either technetium-99m 6, 7, 9, 20, 62, 74, 75, 82 or gallium-67 38, [73] [74] [75] 127 have been utilized as radiotracers for single photon emission computed tomography, with significant effort invested into minimizing the dissociation of the radiolabel from the particle. In order to utilize the superior sensitivity and resolution associated with PET, more recent efforts have focused on developing radiotracers containing positron emitting nuclides such as copper-64 (Cu-64), 99, 114 Since it is desirable to create stable particles that can circulate and accumulate in tumors over days to weeks, Cu-64 is applied in imaging, as it has a longer half-life (t 1/2 = 12.7 h) and can be incorporated via either a surface chelation method 96 or through the use of a bifunctional chelator. 95 The surface chelation method ( Fig. 3 panel A) has proven to be a flexible method for incorporating Cu-64 onto liposomes. 96 In this approach, the chelator-lipid (6-[p-(bromoacetamido)benzyl]-1,4,8,11-tetraazacyclotetradecane-N,N¢,N¢¢,N¢¢¢-tetraacetic acid (BAT)-PEG-lipid) is incorporated during initial particle formation; Cu-64 is then captured by the chelator on the surface of the fully assembled liposome. Using this approach, liposomes have been labeled with Cu-64 for imaging FIGURE 2. MR-guided focused ultrasound imaging facilitated temperature estimation within a mouse tumor model. Anatomical reference image (left) for localization of the tumor (white circle) prior to insonation. In this particular image, a syngeneic breast tumor was located in the mammary fat pad of a female FVB mouse. Note that position of the tumor in relation to the leg muscles on the image at the left. During insonation for mild hyperthermia, temperature data are acquired and overlaid on the MR magnitude image (right) and used for feedback control of the ultrasound. murine models of carcinoma, 92, 125 as well as achieve dual imaging with a near infrared dye to evaluate the pharmacokinetics of drug release in vivo. 76, 85, 96 Alternatively, a bifunctional chelator can be used wherein (6-(6-(3-(2-pyridyldithio)propionamido)hexanamido) benzyl)-1,4,8,11-tetraazacyclotetradecane-1,4,8,11-tetraaceticacid (TETA-PDP) or 4-(2-(2-pyridyldithioethyl)ethanamido)-11-carboxymethyl-1,4,8,11-tetraazabicyclo(6.6.2)hexadecane (CB-TE2A-PDEA) are radiolabeled independently and then incorporated onto the surface of the already formed liposome ( Fig. 3 panel B) . This flexible post-labeling approach is not restricted to lipids and may also hold application for labeling block-copolymers, iron oxide nanoparticles, quantum dots and gold nanoparticles. In both approaches, the in vivo stability of Cu-64 chelated to TETA or BAT was similar to that of the cross-bridged chelator TE2A. 95 In order to further extend the use of liposomes in imaging, Zr-89 (t 1/2 = 78.4 h) has been incorporated onto the surface of liposomes using a chelator-free labeling concept. 1 This report showed that 89 Zr oxophilicity results in reasonable stability for chelator-free liposomes in the presence of serum proteins.
Micelles are also of interest due to the smaller diameter of many formulations and the potential to carry hydrophobic drugs. Micelles containing drugs such as cisplatin, 24 ,63,117 paclitaxel 17,24,63 and doxorubicin 53, 122, 129 have been reported. In these examples, micelles have been evaluated either in vitro or labeled with a fluorochrome for optical imaging; in order to utilize micelles for PET imaging a radiolabel must be incorporated into the micelle. As with liposomes, the surface chelation method provides a straightforward approach for the radiolabeling of micelles. Again, the chelator-lipid is incorporated at the time of particle formation and the fully assembled particle is radiolabeled with Cu-64 ( Fig. 3 panel C) . Micelles radiolabeled with Cu-64 and loaded with doxorubicin have been used to evaluate circulation kinetics, accumulation, targeting and clearance in a murine model of breast cancer. 27 Similarly, radiolabeled micelles containing targeting ligands on the surface have been used for evaluating cell uptake, biodistribution and tumor retention in murine models of carcinoma, 90 as well as evaluating the pH-controlled drug release of covalently attached doxorubicin in murine models of glioblastoma. 128 Radiolabeled monoclonal antibodies, or engineered antibody fragments such as nanobodies, 25, 93 are broadly used for in vivo research to understand biological processes, as well as for the treatment of systemic diseases such as cancer. ImmunoPET (using antibodies for PET imaging) combines the advantages of PET with the specificity of antibodies. Antibodies have been radiolabeled with a variety of radioisotopes; antibodies radiolabeled with Zr-89 using DFO-based conjugation strategies are of particular interest since the circulation half-life of 2-4 days for typical intact antibodies is complementary to the long half-life of Zr-89. 112, 133 Recent reports have illustrated the use of 89 Zr-labeled antibodies for imaging human epidermal growth factor receptor 1 (HER-1) expressing carcinomas in vivo, 11 imaging CD147 expression in a murine model of pancreatic cancer 100 and evaluating 89 Zr-labeled epidermal growth factor receptor (EGFR)-targeted antibodies in vitro and in vivo. 15 Peptides have garnered interest as molecular imaging agents for the targeting of a variety of diseases and have been radiolabeled for many years. Peptides are attractive since their relatively small size results in high target-to-background ratios due to their rapid targeting and blood clearance in vivo. Peptides have been radiolabeled with Cu-64 66, 97, 98, 113 via chelation strategies similar to those outlines above; however, due to the rapid clearance of peptide based radiopharmaceuticals in vivo there has been little need to radiolabel with longer lived isotopes such as Zr-89. 52 In contrast, a large number of peptides have been radiolabeled with F-18 and evaluated in vivo using PET. 43, 45, 65, 80, 136 One approach to radiolabeling peptides with F-18 is through on-resin coupling of the peptide with 18 F-fluorobenzoic acid ([ 18 F]FBA), followed by cleavage and purification to give the desired 18 F-radiolabeled peptide ( Fig. 3 panel D) in high radiochemical purity and with high specific activity. 124 This approach has proven to be highly robust and reliable, allowing for the development of a high-throughput screening technique for the identification of peptide-based targeted molecular imaging agents. 40 
Enhanced Delivery with Ultrasound
The thermal and mechanical effects of ultrasound have been recognized as impacting tissue properties for many years, with the earliest effects detected in the central nervous system. [34] [35] [36] 68, 115 High intensity ultrasound was recognized to produce lesions in tissue in 1942 and has been applied to ablate tissue, enhance drug delivery and induce a systemic immune response.
There are multiple mechanisms by which ultrasound can enhance drug penetration. Typical thermal strategies employ either high temperature ablation or mild hyperthermia to increase drug accumulation within the lesion and lesion boundary. In such strategies, the increased temperature can influence both the tissue and the drug capsule. Alternatively, the mechanical effects of ultrasound can act directly upon the tumor tissue or on injected microbubbles whose oscillations enhance vascular or cell membrane permeability. There have been numerous reports of enhanced extravasation of antibodies and nanotherapeutics as a result of direct effects of ultrasound on tissue and vasculature although the mechanisms are still under investigation. 33, 119, 120 For example, when a train of 100 pulses of 1 MHz ultrasound at a peak negative pressure of 8.95 MPa and duty cycle of 5% were applied to tumors, antibody penetration was reported to be significantly enhanced at the tumor periphery through mechanical effects. 119 Thermal dose is typically estimated as cumulative equivalent minutes at 43°C (CEM 43), which is defined as tR (432T) , with t being the time of treatment, T the average temperature during treatment, and R a constant that equals 0.25 for temperatures between 37 and 43°C and 0.5 above 43°C. 26, 54 When the tissue temperature exceeds 60°C and a sufficient thermal dose is achieved, the resulting tissue ablation also enhances drug and nanoparticle accumulation. RF ablation has been applied in previous studies to achieve a similar enhanced delivery and such techniques are now in clinical trials. 41, 126 High intensity ultrasound similarly enhances delivery surrounding the site of ablation, although this combined technique remains under investigation in pre-clinical studies. Mild hyperthermia (CEM 43 < 0.5) is associated with increased metabolism, blood flow and tissue repair. Higher thermal doses are associated with enhanced cell death. 89 Hyperthermia has additional benefits to drug delivery, with increased accumulation as a consequence of increased tumor blood flow and increased microvascular permeability. 37 Unlike strategies which use microenvironment-sensitive activation mechanisms, hyperthermia is limited to use in tumors of known location and reasonable accessibility.
IMAGE-BASED PHARMACOKINETICS
Many imaging modalities have been utilized to extract pharmacokinetic data including PET, MRI, Xray CT and optical methods. Recent work has suggested parity in image derived parameters between DCE-CT and DCE-MRI. 58 The wide availability of CT scanners and the linear relationship between the signal change and the contrast agent concentration are strong motivating factors for the use of CT. However, radiation dose is a major limiting factor especially when the late phase kinetics is of interest or when repeated examinations are desired. Moreover, MRI may provide a better anatomical context to contrast agent kinetics when soft tissue comprises the majority of the tumor or tissue of interest.
For organic nanoparticles, optical methods are particularly useful in tracking the particle cargo and can provide an activatable signal that changes with cellular uptake and trafficking. 76 Methods to integrate full body pharmacokinetics using PET, MR or CT with cellular uptake and trafficking using optical probes will be important extensions but have not yet been fully developed, although multiple groups have developed dual modality particles incorporating an optical probe. 56 With a primary focus on the application of imaging for the evaluation of system level pharmacokinetics, in the following sections we will summarize the pharmacokinetic approaches using MRI and PET.
PET and MRI images have been used to quantify the pharmacokinetics and transport of small molecules for many years; however, the application of imaging to assess the transport of macromolecules and nanotherapeutics is still emerging (Fig. 4a) . Practically, the data acquisition is far different; to characterize the dynamics of small molecular weight agents, the kinetics must be quantified as the injected bolus equilibrates and clearance can be expected to occur within tens of minutes. Alternatively, for macromolecules or nanotherapeutics with an extended circulation half-life, images acquired at the time of injection may not provide useful data, since the initial volume of distribution is approximately limited to the blood pool. Images must be acquired over many hours or days to fully characterize the time course of distribution and clearance.
Classical Approaches for Image-based Pharmacokinetic Models
Compartmental modeling is considered to be most accurate method to analyze PET dynamic data and is therefore used as a ''gold standard''; its application to the estimation of apparent permeability will be detailed below. The ability to quantify accumulation and account for attenuation has enhanced the use of PET for pharmacokinetic modeling. PET-MRI images facilitate the identification of the region of interest using MRI while the accumulation of the therapeutic is visualized with the PET image (Fig. 4a) . Both one and multi-compartment models have been created, with the kinetic parameters considered to be equal or differing in each direction and accumulation modeled as reversible or irreversible (Figs. 4b-4d) . 108 For small molecule tracers, various quantitative methods have been proposed in clinical PET practice as well as in oncology research. The standard uptake value is the most widely used parameter for clinical analysis of radiotracers because of the short scan time required for most tracers and the reduced computational complexity. Standard uptake value is defined as the ratio between radiotracer concentration in a region of interest and the normalized injected activity. Three normalization factors are commonly used: body weight (kg), body surface area (m 2 ) and lean body mass (kg). 108 However, the main pitfall of the standard uptake value is that the derived values often cannot be compared across different centers. 13, 108, 121 Graphical methods, such as the Patlak plot and the Logan plot, allow for calculation of the uptake rate of the radiotracer in the tumor compartment at a given time after the administration of the radiotracer (the required delay depends on the specific tracer properties). The Patlak plot derives the irreversible uptake rate at which the tracer is trapped in the region of interest by linearly fitting the ratio of the tissue time activity curve and plasma time activity curve versus the ratio of the time integral and the instantaneous values of the plasma time activity curve. The Logan plot is the counterpart of the Patlak plot for reversible tracers. Equations from Patlak and Logan plots are linear and computation is fast and robust. 67 We have applied these tools to quantify the accumulation of targeted liposomes to the vasculature of the heart, demonstrating that such particles accumulate within tens of seconds. 134 The Logan plot has been used to demonstrate the difference in volume of distribution between targeted particles with an exposed, as compared with a buried, ligand. 134 Here, we focus on the application of imaging data and compartmental models to characterize the bidirectional transport of therapeutics between the blood pool and the interstitium of the target tissue, frequently cancerous tumors (Fig. 4) . 108 Such models are based on classical physiological parameters.
Assessment of Apparent Vascular Permeability and Other Classical Physiological Parameters
We first detail the relationship between classical parameters (apparent permeability, solute transport coefficient, clearance, and 30 min clearance) and the parameters derived through the image-guided model. The net flux of solute J S across a blood vessel wall can be described by the Kedem-Katchalsky equation:
where P d is the microvascular diffusive permeability, S is the total surface area of the blood vessel, J V is the net flux of fluid, r f is the filtration reflection coefficient, DC is the solute concentration difference cross the blood vessel wall and C S is the average solute concentration within the blood vessel.
Permeability Under the Assumption of Equal Transport
Into and Out of the Region (Fig. 4b) Because the net flux of fluid, J V , cannot be measured directly and is not typically known, the apparent permeability (P AP ) for the combined convective and diffusive effects has been introduced as 28, 85 :
Although J v is not usually measured, some estimates of the contribution of convective transport can be made. For example, a trans-vascular pressure difference as small as 1 cm H 2 0 will result in a trans-vascular water flow of the order 2-10 9 10 28 cm/s across the walls of microvessels in normal organs such as skin and muscle, with higher values in leaky microvessels. When the ratio of filtrate to plasma concentration (known as the sieving coefficient and equal to (1 2 r f )) is close to 0.1 and the apparent permeability is on the order of 2 9 10 28 cm/s, the convective component of transport of solutes such as albumin may account for 10-50% of the measured trans-vascular solute flux. When permeability is increased, the sieving coefficient may approach 1 (e.g., in the presence of a few large pores with increased water conductivity and r f close to 0) and the convective transport may be dominant in the direction of flow. A similar conclusion applies with an increased blood to tissue pressure difference. Conversely, transport against net filtration (e.g., tissue to blood) may be significantly reduced in such cases.
Solute Transport Coefficient
Based on Eq. (2), we previously proposed an imaging-driven pharmacokinetic model for nanotherapeutics which simultaneously incorporates the kinetics of encapsulated drugs and delivery vehicles with the assumption that the solute transport rate depends on the solute concentration difference across the blood vessel wall. 85 A separate compartment was designed for the reticuloendothelial system to describe the metabolic processes for the delivery vehicles and the elimination of the metabolites from the blood pool. Because of the rapid clearance of the metabolites, without loss of generality, we simplify the model here to a two compartment model (Fig. 4b) to describe the pharmacokinetics of the delivery vehicle. The governing equations can be written as:
where the subscripts P and T denote the plasma compartment and extravascular-extracellular (interstitial) tumor compartment, respectively; C i is the solute concentration in compartment i; V i is volume of distribution in compartment i; and k e is the solute elimination rate through the kidney. k is the solute transport constant across the vessel wall, which is defined as total solute flux per unit extravascular-extracellular tumor volume and per unit concentration difference across the vessel wall. Using our notation, k is equivalent to the rate constant j ep in the ratio of K trans and the extravascular-extracellular volume fraction. K trans is the volume transfer constant between the blood plasma and extravascular-extracellular space used within MRI pharmacokinetic analyses. 106 k can be expressed as:
Equations (2) and (4) lead to:
where r is the mean radius of blood vessels in the tumor and g is the plasma volume fraction in the tumor. g can be directly estimated from PET image data as described below and r estimated from histological data. Equations (2)- (5) can be further extended to define a time dependent solute transport rate, k 3 , which can be applied to evaluate the effect of interventions such as ultrasound.
Clearance
The apparent permeability (P AP ) can also be expressed in terms of the clearance (Cl) which is typically defined by J S =C S :
where C S DC % 1 is assumed for the microenvironment and V P is tumor plasma volume.
The 30 min clearance (Cl 30 ) is an estimate of the volume of plasma that would contain the amount of tracer (DM 30 ) transported from the vascular compartment to the extravascular space in 30 min and can be used to validate image estimates of apparent permeability. 19 Thus, Cl 30 = DM 30 /C s . J s = DM 30 /1800 s and from Eq. (6):
APPLICATION OF THESE PRINCIPLES IN POSITRON EMISSION TOMOGRAPHY
For PET tracers, the imaging intensity in the blood region of interest, I B t ð Þ; and tumor region of interest, I Tm t ð Þ; at time t can be quantified with units of percentage of the injected dose per cubic centimeter unit (%ID/cc). For macromolecular and nanotherapeutic PET analyses, the volume of distribution at time 0 can be approximated as the blood pool and therefore the plasma volume fraction can be estimated as shown below. Also, the cardiac chambers can be used to estimate the blood concentration of the tracer. Because of the linearity of Eqs. (3a) and (3b), the concentrations of C P (t) and C T (t) can also be normalized by injected dose and thus have units of %ID/cc. For simplicity, we neglect correction for the extracellular volume fraction of the tumor, as this correction is not typically applied in PET analyses. Therefore we have the relationship:
where C P *(t) and C T *(t) are the normalized concentration in the plasma and tumor compartments with units of %ID/cc, and Hct is the hematocrit. 5), Eqs. (8a)-(8b) can be applied to predict C T t ð Þ and to evaluate the apparent permeability and the accumulation of nanoparticle therapeutics in the tumor compartment. In  Figs. 5a-5d , the PET and optical images are shown and the intensity is plotted as a function of time after IV administration of the particles. Although methods for time dependent permeability analysis are not included here, our results indicate that an estimate of the time dependent solute transport rate in the insonified tumor, k 3 , is elevated by ultrasound for more than 10 h as compared with a contralateral control (Fig. 5e) .
We have examined the apparent permeability of long circulating liposomes (LCL), temperature-sensitive liposomes (TSL) and albumin in various tumor models, including syngeneic breast tumors, mouse mammary intraepithelial neoplasia outgrowths (MINOs), and epithelial and epithelial-mesenchymal transition tumors (EMT). 85, 92, 120 Overall, the permeability is~4 fold greater for albumin, as compared with 100 nm liposomes ( Table 2 ). In each case, the permeability increases in the transition from a pre-cancer to a fully developed cancer, with the permeability to albumin reaching 6.6 9 10 28 cm/s in the fully developed MIN-O tumor; also, the increase in permeability to albumin occurs earlier in the disease process than the change in permeability to liposomes (Table 2) .
Apparent permeability was also shown to be~50% greater in epithelial, as compared with epithelial-mesenchymal transition (EMT) breast cancer. 120 The Met-1 syngeneic mouse model of epithelial breast cancer is highly vascularized with large vascular sinuses at the tumor boundary, and with an apparently permeability to 100 nm liposomes of 4.1 ± 2.8 9 10 28 cm/s and 6.7 ± 4.6 9 10 28 cm/s before and after the application of ultrasound. 120 The apparent permeability for the EMT tumors, with their smaller vessel diameter and reduced vascular density was less than that of the epithelial tumors and increased significantly with ultrasound ( Table 3 ). The optimal thermal dose and peak negative pressure were lower for epithelial, as compared with EMT, tumors, likely due to vascular stasis in the epithelial vasculature at the higher thermal dose. While mild hyperthermia enhanced accumulation in the epithelial tumors, likely through decreased intratumoral pressure and enhanced apparent permeability, higher ultrasound pressure was required to enhance delivery in the poorly vascularized EMT phenotype (Table 3) .
APPARENT PERMEABILITY ALLOWING FOR DIFFERENCES IN TRANSPORT INTO AND OUT OF THE TUMOR
Equations (2)- (6) best describe scenarios where the diffusion process dominates the solute transport across the blood vessel wall such as the case of large solute particles, for instance liposomes, or for tissues in which convective transport can be neglected. In a number of scenarios (high intensity ultrasound, small tumor metastases and the transport of contrast agents with low molecular weight), evaluation of a time dependent permeability or separation of the transport coefficient into components into and out of the tissue is required to minimize errors. For simplicity and without loss of generality, the kinetics of solute concentrations into and out of a tumor can be separated as described by a two compartment pharmacokinetic model as in Fig. 4c . For reversible accumulation with the tumor, the resulting governing equations are:
where k ij are the transport constants from compartment i to compartment j. As such, from Eq. (2), the apparent permeability can be defined as the agent flux across the blood vessel per unit surface area and per unit source concentration. The apparent permeability into the tumor can be written as:
and the apparent permeability out of the tumor is:
From Eq. (9a), k PT can be interpreted as the agent flux across the blood vessel per unit plasma volume and per unit concentration of C P . Therefore, we have
Similarly, Eq. (9b), k TP can be interpreted as the agent flux across the blood vessel per tumor volume and per unit concentration of C T . Therefore, we have
Modified Permeability Function
The derived apparent permeability in Eqs. (5) and (11a, 11b) is intended to describe the fundamental permeability of the vessel wall to a particular construct. However, because the difference in the agent concentrations in the blood and tumor are substantial, the magnitude of the apparent permeability into and out of the tumor could differ by a few orders of magnitude, as each is normalized by the source concentration. Instead, the flux rate across the blood vessel ðJ S Þ per unit surface area (S) can be applied to directly compare the transport into and out of the tumor. The modified apparent permeability into the tumor is linearly related to the agent concentration in the plasma (C P ):
and that out of the tumor is linearly related to the agent concentration in tumors (C T ):
EXTENSION OF THE MODEL TO MRI
In contrast to pharmacokinetic modeling with PET data, MR signal intensity has a more complex relationship with contrast agent concentration, as the data are a function of the particular imaging sequence, background signal, relaxivity of the contrast agent (itself a field dependent property), injected dose, and concentration of the injected bolus. Further, depending on the MR sequence selected, endogenous contrast mechanisms introduce a background signal that must be differentiated from the exogenous agent. In addition, the sensitivity of MRI to contrast materials is typically considered to be multiple orders of magnitude lower than PET. However, there are several fundamental advantages to the application of MRI in tracking model therapeutics. First, with high field MRI, the accumulation of constructs in small lesions can be assessed with spatial resolution that cannot currently be obtained with PET. Also, with gadolinium and chemical exchange saturation transfer agents, the MRI signal is sensitive to changes in the environment, and therefore it is feasible to differentiate extracellular and intracellular materials. 104 With sufficient information, MRI pharmacokinetic models can provide reliable insight into the dynamics of labeled constructs leaking into and washing out of tumors. 10, 46, 47, 50, 60, 87 In the evaluation of contrast agent dynamics from MRI images, the arterial input function as well as nonlinear effects of agent concentration must be determined. Particularly in small animals, due to the rapid dissemination of the contrast agent bolus, such calculations can be challenging and modeling of the arterial input function is an attractive alternative. 102 The most frequently used model for pharmacokinetic analysis of MRI data is based on a two-compartmental model with a central compartment representing the blood plasma and a tissue compartment representing the interstitial space of the tissue of interest. 14, 107 The exchange constants between the central compartment and the tissue compartment can then be estimated and therefore the apparent permeability can be estimated.
Prior to the application of a pharmacokinetic model to dynamic MR data, we need to formulate a relationship between the time dependent contrast agent concentration and the measured MR signal. In kinetic studies of small brain metastases, we used a T1-weighted sequence (parameters below) with lower temporal resolution in favor of higher spatial resolution to resolve the small lesions. Due to the high initial contrast agent concentration, we chose to include the additional transverse decay term in our approximation of the signal:
where S 0 is a constant, TR is the repetition time, TE is the echo time, R 1 and R 2 are the longitudinal and transverse relaxation rates, respectively. The measured MR signal depends on the relaxation rates (R 1 and R 2 ). Both R 1 and R 2 are functions of contrast agent concentration as well as base relaxation rates (relaxation rate of the material in the absence of contrast agent) R 10 and R 20 . The measured longitudinal relaxation rate, R 1 , is often approximated as having a linear dependence on contrast agent concentration:
where R 10 is the longitudinal relaxation rate of tissue in the absence of the contrast agent, R 1 is the measured longitudinal relaxation rate, r 1 is the molar longitudinal relaxivity, and C B is the concentration of the contrast agent in the blood. In our studies, we have observed a linear relationship between Gd-HPDO3A (ProHance) concentration and R 1 in ex vivo mouse blood, obtaining values of R 10 = 0.5051 s 21 , r 1 = 3.904 mM/s from a standard saturation recovery experiment. Similar to R 1 , the transverse relaxivity, R 2 , is often approximated as linear over some concentration regimes but has been previously reported to exhibit a 2nd order relationship with contrast agent concentration at high field strength. 12 Indeed, similar to Blockley et al., we found, via a multiple echo experiment, that the transverse relaxation rate dependence on Gd-HPDO3A concentration in ex vivo mouse blood could only be properly represented by a quadratic fit (Fig. 6a (bottom) ): 
As an example, we evaluated apparent permeability in a model of brain metastasis at high field. 101 All in vivo studies were approved by the UC Davis Animal Care and Use Committee. In this model system, human melanoma cells were injected into the left cardiac ventricle. The use of high field MRI (7T Biospec 70/30, Bruker BioSpin MRI, Ettlingen, Germany) allowed us for the first time to evaluate apparent permeability within small metastatic lesions. Relevant parameters include a BGA-12S gradient coil, linearly polarized 72 mm I.D. resonator, four channel receive only phased array surface coil, T1w brain imaging (2D RARE, ETL = 2, TR/TE = 350 ms/9 ms, 14 repetitions, SI/ST = 1 mm/1 mm, 6 images, FOV = 2 9 2 cm, matrix = 256 9 192, NA = 5). The T1w signal was evaluated in regions of interest and signal intensity data was then converted to contrast agent concentration in the corresponding regions according to Eq. (16) via a non-linear fit in MATLAB (v2011a, MathWorks, Inc., Natick, MA). The parameters R 10 , r 1 , R 20 , a, b were derived from ex vivo experiments as outlined above. S 0 was determined from the pre-injection signal for each animal.
As noted above, r 2 increases substantially for contrast agents at high field, which causes the nonlinear dependence of the MR signal with contrast agent concentration to be exhibited at shorter echo times and lower contrast agent concentrations (Fig. 6a (top) ). Thus, even with adequate temporal resolution, extracting the early phase of the kinetics curve may still be challenging. However, reasonable estimates of the true concentration vs. time curve can be determined by either using a low concentration of contrast agent (and thus remaining in a mostly linear regime) or making corrections to the measured signal to partially compensate for R 2 effects. The former method is most easily implemented but may not provide a realistic description of most contrast enhanced MR studies, which often use bolus contrast agent concentrations well in excess of those necessary to ensure signal linearity.
In this study, we used a bolus concentration of 100 mM Gd-HPDO3A (0.5 lmol/g body weight total dose) and acquired a series of T1w images (Fig. 6b) . The T1w signal intensity was then measured in brain arteries and metastatic tumors (Figs. 6c-6d) . The high bolus concentration, combined with the low tumor contrast agent concentration, result in a wide range of contrast agent concentrations of interest. Thus, neither a high nor low concentration approximation could be used. Therefore, the MATLAB nonlinear fitting algorithm, nlinfit, was used to extract the time dependent contrast agent concentration from the measured MR signal (Figs. 6c-6e ) via Eq. (16) .
The agent accumulates in the tumor and on average the T1 weighted-signal peaked at 168 s after injection. Based on five mice examined with an average of 5.2 and 18.6 regions of interest for brain arteries and metastatic tumors, respectively, the average apparent permeability of Gd-HPDO3A into and out of small metastatic tumors was then estimated as (1.1 ± 0.2) 9 10 26 and (2.37 ± 0.2) 9 10 25 cm/s. This apparent permeability is orders of magnitude larger than the apparent permeability of the larger albumin and liposomal tracers described in fully developed tumors in the previous section. 
IMAGING OF THE CARGO RELEASE OR INTERNALIZATION BY TARGET CELLS
As noted earlier, the uptake and intracellular trafficking of nanoparticles and their cargo can also be quantified with imaging techniques. With a combination of MRI contrast mechanisms, intracellular trafficking of liposomes following intra-tumoral injection has been evaluated and modeled. 22 The application of imaging to detect release of particle cargo using MRI has also been accomplished with thermally activated particles. 83, 111 Quantitative kinetics of particles and their cargo with optical imaging has also been applied frequently to assess cargo stability and internalization. 57, 76, 132 
FUTURE
The future of image-guided interventions in general and image-guided drug delivery in particular appears to be very bright. The development of systems combining MRI with PET or with ultrasound not only facilitate treatment under imaging guidance, they can be used for the assessment of drug delivery to individual patients in challenging applications such as disorders of the central nervous system and for the pre-clinical optimization of nanodrug formulations for circulation stability and activation. 5, 18, 32, 51, 55, 71 Developments in positron emission tomography, such as the creation of scanners with an extended field of view, have the potential to greatly reduce the amount of material injected to acquire a pharmacokinetic scan and should enable studies of pharmacokinetics in human subjects. 84 The creation and optimization of hybrid MRI-ultrasound systems also facilitates the release of drug within a lesion and the in vivo assessment of delivery. 32 Pharmacokinetic models for nanotherapeutics will continue to evolve as the imaging technologies and the therapeutics themselves advance. Here, we demonstrated the application of apparent permeability to assess accumulation within a developing cancer, following ultrasound intervention and within small (100 lm) brain metastases. Such quantitative methodologies, used in partnership with new technologies, will provide a direct indication of the success of a therapeutic delivery strategy.
